Thermal ablation is a widely applied electrosurgical process in medical treatment of soft biological tissues. Numerical modeling and simulations play an important role in prediction of temperature distribution and damage volume during the treatment planning stage of associated therapies. In this contribution we report a coupled thermo-electro-mechanical model, accounting for heat relaxation time, for more accurate and precise prediction of the temperature distribution, tissue deformation and damage volume during the thermal ablation of biological tissues. Finite element solutions are obtained for most widely used percutaneous thermal ablative techniques, viz., radiofrequency ablation (RFA) and microwave ablation (MWA). Importantly, both tissue expansion and shrinkage have been considered for modeling the tissue deformation in the coupled model of high temperature thermal ablation.
Introduction
Since the advent of modern imaging, thermal ablation has emerged as a prominent modality for treating a wide range of primary and secondary solid neoplasms, virtually in all major organs [1] . During the thermal ablation procedure, fatally high or low temperature is applied intentionally over the course of several minutes to cause the irreversible cellular injury. The most common methods of thermal ablation are: radiofrequency ablation (RFA), microwave ablation (MWA), laser ablation, high-intensity focused ultrasound (HIFU), and cryoablation [1, 2] , with RFA and MWA being the clinically dominant modalities. These minimallyinvasive thermal ablative modalities are potentially cheaper as compared to conventional therapies and result in notable decrease in morbidity, increased preservation of surrounding tissue, fewer complications, quicker recovery and a shorter hospital stay. However, there are also certain associated disadvantages which include, e.g., incomplete ablation, disease recurrence and inferior outcomes [2, 3] . Further, the efficacy of such techniques is significantly dependent upon the type of modality in consideration and the target disease to be treated.
Numerical modeling and simulations of thermal ablation plays a vital role in the successful development, optimization and implementation of these systems in clinical practices. Numerical simulations serve as a powerful tool to predict such important characteristics as the temperature distribution and coagulation volume during thermal ablation. They give a quick, convenient and inexpensive a priori information during the treatment planning stage of the modality to the clinical practitioners. Several numerical studies have been reported in the past on the modeling of the thermal ablative modalities utilizing thermo-electric analysis for evaluating their efficacy among different target tissues [4] [5] [6] [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] [17] [18] [19] [20] [21] [22] [23] . However, in most of the analyses the induced thermo-elastic deformations due to nonuniform temperature distribution within the biological tissues have been neglected or underestimated. Importantly, the rising temperature during thermal ablative modalities could significantly contribute to shape or size variations of the biological tissue due to the induced thermal strain. Both contractions and expansions have been noticed and reported in the literature in the previous clinical studies of thermal ablation [24] [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] . At the same time, very few numerical studies are available in literature that incorporate systematically the thermoelastic wave equation for capturing mechanical deformations induced by thermal expansion during thermal ablative procedures [37] [38] [39] [40] [41] [42] [43] . Moreover, tissue contraction induced by protein denaturation at elevated temperatures during thermal ablation procedures have been clearly missing in such numerical studies. More recently, few numerical studies have also been reported to predict the tissue shrinkage during thermal ablation, but incorporation of such 3 predictive models in the actual numerical simulations of the ablative procedures is still missing [34] [35] . Importantly, ignoring the impact of tissue contraction results in a significant underestimation of the predicted ablation volume as compared to the actual dimensions of the destroyed tissue as highlighted in previous studies (see e.g. [31-33, 36, 44-45] ). A finite difference method based study reported by Park et al. [46] has proposed a mathematical framework to incorporate the tissue contraction model during typical ablation procedures by incorporating the protein denaturation shrinkage term in the thermo-elastic deformation model. Importantly, in this study the bio-heat transfer equation was not solved directly, rather a simple pre-described ablation temperature based on a Gaussian function was used to represent the temperature distribution during thermal ablation. Although, the focus of the study was to report the mathematical model to quantify the tissue contraction during thermal ablation, the effects of thermo-electric coupling were clearly neglected.
Further, the classical Fourier's law based Pennes bio-heat transfer equation is most commonly used for computing the temperature field in the thermal therapies, due to its relative ease of implementation [47] . The major criticism of the Pennes bio-heat transfer equation is that it is unable to take into account the thermal effect of large blood vessels within the biological tissue and presumes that heat transfer occurs at infinite speed. However, heat transfer in non-homogeneous media like biological tissues, containing microscopic inhomogeneities such as macromolecules and cell organelles organized in cellular structures, always occurs at a finite speed with some thermal delay, as has been observed by experimental studies reported in literature [48] [49] [50] [51] [52] [53] [54] . Moreover, thermo-physical and electrical parameters (viz., thermal conductivity, diffusivity, specific heat capacity, electrical conductivity, electrical permittivity and blood perfusion rate) of the biological tissues subjected to thermal ablation are assumed to be constant in most of the computational studies available in literature. However, clinically the behavior of these parameters are generally non-linear and often spatio-temporally temperature dependent. Although, there are a number of studies which have incorporated the (sparse) knowledge on temperature dependence of dielectric and thermal properties within the numerical model (e.g., 44, 55-59).
The aim of the present study is to develop a new improved coupled thermo-electromechanical model for more accurately predicting the performance of thermal ablation procedures. The main focus is given to the most extensively and widely applied percutaneous thermal ablative techniques in clinical practices for disease treatment, viz., RFA and MWA.
The comparative studies have been conducted for different cases of Fourier heat transfer (Pennes bio-heat model) and non-Fourier heat transfer models considering time phase lag for both temperature gradient and heat flux, i.e. accounting both single-phase-lag (SPL) and dual-phase-lag (DPL) models. To obtain more clinically relevant models, the temperaturedependent electrical and thermal properties, damage-dependent blood perfusion rate and phase change effect accounting for tissue vaporization have been taken into consideration.
The developed model will integrate the electromagnetic interaction, heat transfer analysis, thermally induced mechanical deformation (both expansion and contraction) and damage quantification for improving the accuracy of prediction of temperature distribution and damage volume during the treatment planning stage of thermal ablative procedures.
Model, materials, and methods
This section provides the details of the mathematical and computational framework, computational geometry for main selected cases and thermo-electro-mechanical characteristics.
Thermo-electro-mechanical model of thermal ablation

Modeling of electromagnetic interaction with the biological tissue
Ideally, electromagnetic energy is applied to heat the biological tissues during thermal ablation. The propagation and interaction effects of electromagnetic fields are well described by Maxwell's equations that form the basic framework of all the classical electromagnetic field theory. The interaction of the electromagnetic waves with the biological tissues can be characterized by a transverse electric model, related to geometrical symmetries of the thermoelectromagnetic model. The general form of Maxwell's equations for the transverse electric wave mode can be presented by the Helmholtz harmonic wave equation for computing the electromagnetic field within the biological tissue [6] during MWA procedures and is given by: (1) where E is the electric field vector, µr is the relative permeability, εr is the relative permittivity, σ is the electrical conductivity, ε0 is the permittivity of free space, ω is the angular frequency, k0 is the free space wave number and j = 1  .
The absorbed electromagnetic energy (Qp) computed from the electromagnetic field distribution in the tissue is given by
Further, in the lower frequency range of  500 kHz, as is being used during RFA, the wave length of the electromagnetic field is several orders of magnitude larger than the size of the 5 active electrode. Thus, the biological medium can be considered almost totally resistive and the quasi-static approximation can be used to solve the electromagnetic problem without compromising accuracy [60] . Quasi-static electromagnetic field theory presumes that the extent of variation of electric and magnetic fields is negligible and is very similar in characteristics to the static fields, although the fields vary with time. Thus, a simplified form of Maxwell's equations in quasi-static approximation can be used to evaluate the voltage distribution during RFA procedures by solving the generalized Laplace equation:
where V is the voltage and the electric field intensity (E) for the quasi-static approximation of Maxwell's equations is computed from the standard potential field approximation:
Modeling of bio-heat transfer
Currently, the analysis of heat conduction within the biological tissues is mostly based on the classical Fourier's law which assumes that heat propagation occurs at infinite speed. It relates to the heat flux (q) in the following way:
where k is the thermal conductivity and T ( r , t) is the temperature at point r at time t. The generalized Fourier conduction based Pennes bio-heat transfer equation [61], modified by enthalpy method [62-63] to take into account of liquid-vapor phase change and to model tissue vaporization within biological tissue, is given by
where ρ is the tissue density, h is the enthalpy, k is the thermal conductivity, T is the temperature, ρb and cb are the density and specific heat of blood, respectively, ωb is the blood perfusion rate, Qm is the metabolic heat generation, Qp is the heat generation due to external heating source, Tb is the temperature of blood and t is time. Further, the enthalpy term in Eq.
(6) is related to the temperature of biological tissue by:
where ρi and ci are the density and specific heat of tissue before phase-change, i.e., at temperatures below 100 o C (i = l refers to liquid tissue phase) and at post-phase-change, i.e., temperature above 100 o C (i = g refers to gas tissue phase), respectively, Hfg is the latent heat, 6 i.e., the product of water latent heat of vaporization and water density at 100 o C, and C is the tissue water content inside the tissue.
Further, it is well-known that the heat always propagates with a finite speed, thus, in order to account for the thermal wave behavior not captured by classical Fourier's law, a modified heat flux model, originated from Cattaneo and Vernotte works [64-65], is used
where τq is the thermal relaxation time that represents the time delay between the heat flux vector and the temperature gradient. The first-order Taylor expansion of Eq. (8) gives:
Substituting Eq. (6) into Eq. (9) and after some mathematical manipulations using Eqs. 5-6, the thermal wave, or single-phase-lag (SPL), bio-heat transfer equation can be obtained as
Next in order, to take into account the effect of micro-structural interactions along with fast transient effects of heat transport, an effect absent in thermal wave single phase lag model, i.e., a phase lag for temperature gradient τT is introduced in Eq (8), and the corresponding equation, known as the dual-phase-lag (DPL) equation [66] , is given by
where τq is the phase-lag in establishing the heat flux and is introduced to take account fast transient thermal wave effects, while τT is the phase-lag in establishing the temperature gradient across the medium that accounts for micro-structural interactions. Importantly, the heat flux precedes the temperature gradient for τq < τT and the temperature gradient precedes the heat flux for τq > τT. Considering τT = 0, Eq. (11) reduces to the thermal wave model (Eq.
(8)), and further reduces to Fourier's heat equation (Eq. (5)) by also setting τq = 0.
Substituting Eq. (6) into Eq. (11) and after some mathematical manipulations using Eqs. 5-6, the dual-phase-lag bio-heat transfer equation can be obtained as
Importantly, the different values of thermal relaxation times reported from previous experimental studies on biological tissues have been presented in Table 1 . As is evident from Table 1 , there is a visible variability in the thermal relaxation time of biological tissues, especially with regard to thermal relaxation time associated with SPL model that represents the time delay between the heat flux vector and the temperature gradient. To address this 7 variability issue, the present study has considered different values of τq (viz., 2, 8, 16 and 20 s). While the value of τT has been considered to be 0.045s, disregarding the cases where the restriction for the values of two time lags τq ≥ τT is not obeyed, as for such cases Eq. (11) would violate the causality principle, as highlighted in [67].
Modeling of mechanical deformation of biological tissues
The physical problem of thermo-elastic deformation caused by the elevated temperature during thermal ablation procedures of the biological soft tissues has been described mathematically using the modified stress-strain equation, including the effects of thermal expansion and protein denaturation (Eq. 13) and the thermo-elastic wave equation (Eq. 16)
[41-42, 46, 68], as follows:
where  is the stress tensor and ε = [(∇u T +∇u)/2] is the strain tensor (i,j = 1,2,3 are the tensor are the Lame's constants, E is the Young's modulus, υ is the Poisson's ratio, ε th is the thermal strain given by Eq. (15), β is the coefficient of volumetric protein denaturation shrinkage assumed to be equal to three [46] , ξ is the relative shrinkage due to protein denaturation given by Eq. (20) and δ is the Kronecker delta function given by
The thermal strain (ε th ) is computed as follows:
where α is the thermal expansion coefficient, T is the temperature computed from bio-heat transfer model and Tref = 37 o C is the reference temperature. Importantly, ε th and βξ terms in Eq. (13) represent the tissue expansion and shrinkage, respectively, during thermal ablative procedures.
The general form of the thermo-elastic wave equation for an isotropic linear elastic solid can be expressed as:
where ρ is the density, u is the mechanical displacement vector, t is the time, ij  is the stress tensor component defined in Eq. (13) and F (with i = 1,2,3 representing the geometry's coordinate axes) is the force density vector that has been assumed to be zero. Eqs. 13-16 8 describe the thermo-mechanical behavior of the biological tissue subjected to non-uniform heating during thermal ablation.
Modeling of thermal damage
The three-state cell death model [69] has been used to quantify the protein denaturation within the biological tissue subjected to thermal ablative procedures. This model assumes that there are three states (viz., native (N), unfolded (U) and denatured (D)), and the cells in unfolded state have the potential to recover and return in the native (or alive) state. The reaction equation grouping all the different intermediates states into one overall state is given by:
where N, U and D are the proportion of cells that are in native (alive), unfolded (vulnerable) and denatured (dead) states, respectively, and ki's are the reaction rates that describe the forward or backward rates of change in cell states and are assumed to be governed by Arrhenius equation given by:
where Ai and ΔEi are the frequency factor and the activation energy, respectively, associated with different reaction rates (ki:= k1, k2, k3), R is the universal gas constant and T is the temperature computed from bio-heat transfer model. The kinetic parameters (A and ΔE) account for the morphological changes in the tissue related to thermal degradation of proteins. With the constraint that the sum of all the three states is equal to one (i.e., N+U+D=1), the three-state death model can be mathematically described by following system of equations [45]:
Furthermore, assuming that all the protein is in the native (alive) state initially, the relative shrinkage (ξ) can be expressed as [45-46]
where LU, LD, LN represents the length of proteins for native, unfolded and denatured states, respectively.
The coagulation volume (V ) induced during the thermal ablation has been defined using the tissue viability parameter G = N (or 1-U-D), that represents the proportion of the 9 tissues that are not dead. The present study considers that the tissue is completely destroyed when the viability is less than the threshold value of 0.8 [69-70]. Thus, the coagulation (or damage) volume is computed as the volume integral of the model having G < 0.8, and is computed from
Modeling of temperature-dependent and damage-dependent bio-physical parameters
Since, RFA and MWA procedures are performed at different frequencies of 500 kHz and 2.45 GHz, respectively, the electrical parameter's value and variation is different in both scenarios. For the MWA procedure, the relative permittivity and electrical conductivity of the biological tissue during MWA has been modeled as a temperature-dependent parameter utilizing sigmoidal functions adopted from the previous studies [44, 71-72] and are given by
Eqs. 22 and 23, respectively, as:
where T is the temperature computed from the bio-heat transfer model.
For RFA, the temperature-dependent electrical conductivity of the biological tissue is given by [16] 
where σ0 = 0.2 (S/m) [12] is the electrical conductivity of the tissue at the baseline temperature of Tref (= 37 o C) and, as before, T is the temperature computed from the bio-heat transfer model.
The temperature-dependent thermal conductivity of the tissue considered in the present study during thermal ablation is given by [16] 0 0 00 0 0.0012( ) for 100 ( ) , 0.0012(100 ) for 100
where k0 = 0.502 (W/m/K) [12] is the thermal conductivity of the tissue at the same measurement points for Tref and T as in Eq. (24).
A thermal damage-dependent piecewise model of blood perfusion rate has been used in the present study, whereby complete cessation of the blood perfusion rate is assumed to occur at the threshold of G < 0.8 within the tissue [70] and is given by
where ωb = 0.016 s -1 [12] is the baseline blood perfusion rate of the tissue. The dimensions of the computational domain for the RFA model (as shown in Fig.   1 (b)) including the tissue, metallic electrodes and the plastic cover of the RF applicator have been chosen consistently with those available in the literature (e.g., [9] ). A constant-power RFA has been performed by applying a constant voltage of 20 V for a period of 10 minutes
Numerical setup
[14] at the active tip length of a 22-gauge RF needle electrode. The dispersive ground electrode has been modeled by utilizing a zero voltage electric potential on the outer boundaries of the analyzed domain. It has been assumed that the heat transfer process occurs only in the biological tissue, so a thermal insulation boundary condition has been applied at the outer boundaries of the computational domain during the RFA procedure.
It is noteworthy to mention that both the RF applicator and the MW antenna have been modeled without considering any cooling mechanism in this present study. Further, at each interface of the computational domain for both the MWA and RFA procedures, 11 electrical and thermal continuity boundary conditions have been imposed. The initial value of voltage and electric field of the entire computational domain before the onset of MWA and RFA have been considered to be 0 V/m and 0 V, respectively. For both MWA and RFA models, the initial temperature has been set to 37 o C, while the initial stress and strain have been set to zero. The material properties considered in the present numerical study are summarized in Table 2 . The coupled thermo-electro-mechanical models of thermal ablation, viz., MWA and RFA, have been solved using a finite-element method (FEM) based commercial COMSOL Multiphysics 5.2 software [73] utilizing an adaptive time-stepping scheme. The computational domain has been discretized using heterogeneous triangular mesh elements constructed with a built-in mesh generator. Furthermore, extra mesh refinements at the applicator-tissue interface, where the highest thermal, mechanical and electrical gradients are expected, have been carried out. A mesh convergence analysis has been performed to determine the optimal number of mesh elements that would result in mesh-independent solution. The final mesh comprises of 13653 and 40001 elements for the MWA and RFA models, respectively. All simulations have been conducted on a Dell T7400 workstation with Quad-core 2.0 GHz Intel ® Xeon ® processors.
Results
Experimental validation
In order to verify the accuracy and efficacy of the developed model, the simulated results of 
Effect of thermo-electro-mechanical coupling on MWA
The comparison of the temperature profiles with respect to time at four positions, viz., 2.5, 5, 7.5 and 10 mm radially away from the slot center for the developed model of MWA with and without the inclusion of mechanical coupling (including both expansion and shrinkage of tissue) based on MW power of 20 W and treatment time of 10 min has been presented in Fig.   3 . The temperature differences among the two models at the end of 10 min of MWA procedure have been found to be 0.64%, 1.29%, 1.87% and 0.99% for the positions of 2.5, 5, 7.5 and 10 mm, respectively. Although, from the reported results the variation of temperature distribution in the numerical model with and without mechanical coupling seems to be relatively low during 20 W MWA, it is expected that this variation is going to increase with increase of applied input power.
The variations in radial and total displacements of tissue with time at four positions, viz., 2.5, 5, 7.5 and 10 mm radially away from the slot center for the coupled thermo-electro-13 mechanical model of MWA have been presented in Fig. 4 . It is noteworthy to mention that cylindrical computational domain of the present numerical study has been simplified to twodimensional axisymmetric computational domain in r-z plane, which assumes that the tissue properties and thermo-electro-mechanical conditions along the circumferential direction ϕ will be constant. Thus, the displacement (computed from Eqs. 13-16) within the tissue subjected to thermal ablation in 2D axisymmetric r-z plane will be induced in radial direction (say ur in r-plane) and axial direction (say uz in z-plane), and consequently the displacement along r-axis will be more pronounced as compared to z-axis since the heat is applied in radially outward direction from the electrode/applicator. Furthermore, the total displacement is computed from: highest for the positions near the slot of MW antenna (i.e. at a location 2.5 mm) where the absorbed MW power is highest and consequently maximum temperature differences occur for both cases, followed by the positions of 5 mm, 7.5 mm and 10 mm, respectively. Importantly, for both cases the SAR profile exhibits similar trends but with a slightly lower peak value for the model with mechanical coupling. Figure 7 presents the effect of input MW power, viz., 10, 20, 30, 40, 50 and 60 W, on the temperature distribution ( Fig. 7(a) ) and the total displacement of tissue ( Fig. 7(b) ) at the position of 2.5 mm radially away from the slot center of MWA antenna. As is evident from Figs. 7(a)-(b), the temperature increases as the input MW power increases, since the greater MW power results in greater SAR and subsequently greater heat generation within the 15 biological tissue, thereby increasing the total displacement. The increase in input MW power from 10 W to 60 W results in the increase of temperature from 67.39 o C to 108.05 o C and subsequent increase in the tissue total displacement from 5.63 mm to 9.24 mm at the position of 2.5 mm radially away from the antenna slot after 10 min of MWA procedure.
Effect of thermo-electro-mechanical coupling on RFA
The effect of coupled thermo-electro-mechanical coupling (including both expansion and shrinkage of tissue) on the tip temperature and damage volume during RFA has been presented in Fig term. The highest values of tissue total displacement have been found to be 6.51 mm and 0.016 mm for the model with and without inclusion of tissue shrinkage term caused by protein denaturation during RF heating, respectively. Further, for all cases presented in Fig. 9 , the displacement increases with increase in the heating time during RFA and this increase is much higher close to the RF electrode where high magnitude of temperature prevails.
Effect of single-phase-lag (SPL) and dual-phase-lag (DPL) non-Fourier heat transfer models on the coupled thermo-electro-mechanical model of thermal ablation
The effect of SPL non-Fourier heat transfer on the coupled thermo-electro-mechanical model of MWA has been presented in Fig. 10 Fig. 11(d) . As seen in Fig. 11(d) , there prevails a significant variation in the protein proportion in different states among Fourier and non-Fourier DPL models, with Fourier model overestimating prediction for each of the states.
Further, the variation in the damage volume for Fourier (τq = 0 s, τT = 0 s), SPL (τq = 8 s, τT = 0 s) and DPL (τq = 8 s, τT = 0.045 s) models during the MWA procedure has been presented in Fig. 11(e) .
The effect of SPL and DPL non-Fourier heat transfer models on the coupled thermoelectro-mechanical model of RFA has been presented in Fig. 12 . The temporal variation of damage volume during 10 min of RFA procedure has been presented in Fig. 12(a) for different values of τq, viz., 0 (Fourier), 2, 8, 16 and 20 s. The differences in damage volume after 10 min of RFA procedure for τq = 2, 8, 16 and 20 s have been found to be 0.36%, 0.95%, 2.79% and 3.43%, respectively, as compared to damage volume predicted by the Fourier heat transfer model, i.e., τq = 0 s. Further, Fig. 12(b) presents the temporal variation in damage volume among Fourier, SPL and DPL models. It is seen that a negligible variation prevails in the damage volume for different models of heat transfer. The variation of protein proportions among different states, viz., native (N), unfolded (U) and denatured (D), has been presented in Fig. 12(c) for Fourier and DPL models. Again, it has been observed that the discrepancies between the different profiles are not pronounced among the Fourier and DPL models. The variation of the tip temperature and the total displacement profiles in the biological tissue due to thermal strain for Fourier and DPL models during 10 min of RFA procedure has been presented in Fig. 12(d) . The differences in the tip temperature and total displacement post 10 min of RFA have been found to be 0.13% and 0.94%, respectively.
Discussion
Existing experimental studies available in literature have highlighted that the exposure of biological tissue to elevated temperatures (> 50 o C) during thermal ablative procedures can result in varying degree of mechanical deformation (including both expansion and contraction) within the tissue [24] [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] . Several computational studies have also been reported to capture such mechanical deformations, but mainly limited to only thermal expansion [37] [38] [39] [40] [41] [42] [43] . Importantly, ignorance of the impact of tissue contraction/shrinkage during thermal ablative procedures has resulted in significant underestimation of the predicted ablation volume (see, e.g. [31, 36] ). In what follows, the present study aims to develop a new improved coupled thermo-electro-mechanical model for more precisely predicting the ablation volume during thermal ablative procedures. The mechanical deformations induced within the tissue due to both thermal expansion and tissue contraction/shrinkage has been considered in this present work. Furthermore, the non-Fourier heat relaxation time effects on the predicted outcomes quantified from the developed coupled thermo-electro-mechanical model has also been systematically investigated during both MWA and RFA procedures.
Our study demonstrated that the model without the inclusion of mechanical coupling, when compared to fully coupled thermo-electro-mechanical model, results in underestimation of the temperature prediction during MWA procedure. Such observed trends of temperature distribution agreed with the earlier reported numerical studies, e.g., [37, 44] . Further, it has been observed that the temporal variation of the temperature profile is practically negligible initially up to a period of 1 min of MWA heating and gradually increases with heating time.
This can be attributed to the fact that the induced mechanical deformation within the biological tissue is directly dependent on the temperature rise due to heating during thermal ablation. Since initially the temperature rise is smaller, thus consequently the effect of mechanical deformation will be smaller and will subsequently increase with heating time for all positions. Moreover, it has been observed that the computational model of MWA without mechanical coupling results in underestimation of the temperature prediction at the assumed spatial locations as compared to the fully coupled thermo-electro-mechanical model of MWA. Furthermore, the temperature profiles obtained for different MW powers followed a decreasing exponential profile along the radial distance, which is also similar to the trends obtained in previous studies, e.g., [44] .
The developed coupled thermo-electro-mechanical model was able to successfully simulate the mechanical deformations (both expansion and shrinkage) during the thermal ablative procedures. It has been observed that the total displacement of the tissue induced during the MWA procedure increases with, (a) increase of the distance from the MW antenna and (b) increasing treatment time. Such findings are concordant with experimental findings of the previously reported study (e.g., [36, 44] ). Further, the maximum values of volumetric strain in the coupled thermo-electro-mechanical model with and without the inclusion of tissue shrinkage have been found to be 34% and 1.4%, respectively, clearly highlighting the importance of tissue shrinkage term in the computational models of MWA. Moreover, one of the key observations from the coupled analysis is that the magnitude of tissue expansion is of the order of 10 -5 m, much smaller in magnitude compared to the combined expansion and shrinkage of tissue, i.e., order of 10 -3 to 10 -2 m. Again, such findings are in agreement with the previously reported thermo-elastic deformation model (see, e.g., [46] ). The predicted damage volume of the MWA model without the mechanical coupling is 7.29% less as compared to the model with mechanical coupling after 10 min of 20 W MW heating. Again, this deviation is expected to increase with the increase in the applied MW power. Thus, the approach of including the tissue shrinkage caused by the protein denaturation along with the thermal expansion in the coupled thermo-electro-mechanical model of MWA is clearly justified, leading to models with better predictive capabilities and their increased potential in assisting clinical practices.
Our study also demonstrated that the coupling of mechanical model with the thermo- One of the limitations of the current model is that it assumed the biological tissue to be a homogenous and isotropic elastic material that has been modeled using linear elastic model. The incorporation of hyper-elastic model is expected to represent the mechanical deformations within the soft biological tissue subjected to elevated temperature in a more accurate way. Further, the incorporation of porous media model is expected to further strengthen the predicted outcomes from the developed model capturing the heat transfer phenomena at microscopic scale. Another limitation is associated with the deficiencies in the considered thermo-electro-mechanical properties of the tissues that have been derived from 20 the mean values or estimates available in literature. Improvement in these properties based on advancement in sophisticated characterization techniques is expected to increase the accuracy of predicted outcomes of the proposed model (see, e.g., [75] ). In addition, the tumorous tissue is not taken into consideration within the computational domain along with the lack of direct experimental validation of the proposed model. Future studies are warranted to address these limitations and further improve the accuracy of the proposed model. Indeed, more experimental data and comparative studies are required to derive the definitive conclusions from the proposed model. Despite these limitations, our developed coupled thermo-electromechanical model is one of the initial model that integrates the mechanical deformations (both expansion and contraction) induced within the biological tissue into the thermo-electric model of the thermal ablation. The proposed model is expected to reduce the mismatch between treatment outcomes obtained from the experimental and numerical findings. Our model has significant capabilities of more accurately and precisely simulating the induced mechanical deformations within the tissue along with other treatment outcomes, viz., temperature distribution, damage volume, etc. It is expected that the outcomes derived from the proposed model can be readily integrated to the hospital workflow and assist the clinicians in a decision-making process during the treatment planning stage of such therapies.
For e.g., allowing clinicians to optimize the thermal dosage required for attaining successful thermal ablation with minimal damage to the healthy tissue and critical structures.
Conclusion
For the first time a coupled thermo-electro-mechanical model has been developed and applied, taking into account both tissue shrinkage and expansion, along with analyzing systematically non-Fourier effects during the high temperature thermal ablative modalities, viz., MWA and RFA. It has been found that ignoring the mechanical coupling during the modeling of MWA results in a decrease in the prediction of temperature distribution. It has been observed that the magnitude of displacement considering only tissue expansion in the mechanical coupling is much smaller (order of 10 -5 m) as compared to the magnitude of combined expansion and shrinkage of tissue (order of 10 -3 to 10 -2 m) during the MWA. The deviation between the predicted damage volume obtained from the coupled thermo-electromechanical model of MWA considering Fourier bio-heat transfer model and non-Fourier effects has been found to be 9.59%. The obtained results emphasize the critical importance of utilizing the proposed mathematical framework, especially for accurate predictions of the damage volume during MWA procedures. Moreover, it has been found that the effect of non-Fourier based coupled thermo-electro-mechanical coupling is less pronounced in RFA as compared to MWA. Notwithstanding, the proposed model is also an advanced step in simulating the tissue deformation caused during RFA procedures due to its more precise predictions of temperature distribution and damage volume. It is expected that the developed coupled thermo-electro-mechanical model with heat relaxation time included will assist the physicians to improve the treatment planning in more patient-specific models by providing more precise predictions of temperature distribution, tissue deformation and damage volumes during high temperature thermal ablative modalities.
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